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Abstract—This paper demonstrates that synthetic aperture 
imaging (SAI) can be used to achieve real-time 3-D ultra-
sound phased-array imaging. It investigates whether SAI in-
creases the image quality compared with the parallel beam-
forming (PB) technique for real-time 3-D imaging. Data are 
obtained using both simulations and measurements with an 
ultrasound research scanner and a commercially available 3.5-
MHz 1024-element 2-D transducer array. To limit the probe 
cable thickness, 256 active elements are used in transmit and 
receive for both techniques. The two imaging techniques were 
designed for cardiac imaging, which requires sequences de-
signed for imaging down to 15 cm of depth and a frame rate 
of at least 20 Hz. The imaging quality of the two techniques 
is investigated through simulations as a function of depth and 
angle. SAI improved the full-width at half-maximum (FWHM) 
at low steering angles by 35%, and the 20-dB cystic resolution 
by up to 62%. The FWHM of the measured line spread func-
tion (LSF) at 80 mm depth showed a difference of 20% in favor 
of SAI. SAI reduced the cyst radius at 60 mm depth by 39% 
in measurements. SAI improved the contrast-to-noise ratio 
measured on anechoic cysts embedded in a tissue-mimicking 
material by 29% at 70 mm depth. The estimated penetration 
depth on the same tissue-mimicking phantom shows that SAI 
increased the penetration by 24% compared with PB. Neither 
SAI nor PB achieved the design goal of 15 cm penetration 
depth. This is likely due to the limited transducer surface area 
and a low SNR of the experimental scanner used.
I. Introduction
since the 1950s, the usability and quality of ultrasound imaging has improved because of advancements made 
in integrated electronics, algorithms, computing power, 
and transducer technology [1]–[3]. This has led to an 
increase in resolution, contrast, and penetration depth. 
These technology advancements have led to high-quality 
2-d and 3-d imaging systems. some state-of-the-art 3-d 
imaging systems have more than 9000 active elements, 
beamformers integrated directly in the ultrasound probe, 
and some require water cooling. These ultrasound systems 
are therefore very expensive both to develop and to pro-
duce. The purpose of this paper is to investigate the achiev-
able 3-d image quality possible with a modest number 
of active elements. It is investigated which beamforming 
technique of synthetic aperture imaging (saI) [2], [4]–[7] 
and parallel beamforming (Pb) [8], [9] that achieves the 
best image quality. Earlier work by the authors investigat-
ed the performance of 3-d synthetic aperture imaging and 
parallel beamforming using simulations [10] and phantom 
studies [11]. In this paper, a more realistic setup is used, 
using only 256 active elements and beamformer channels 
as opposed to 1024 active elements and beamformers. The 
measurements are also expanded, now including cysts and 
tissue-mimicking phantom measurements.
Two major obstacles have delayed the implementation 
of real-time 3-d imaging systems: the large number of 
channels on a 2-d array transducer to scan the volume 
and the low frame rate often achievable when scanning 
a full volume. Parallel beamforming addresses the frame 
rate problem by broadening the transmit beam and focus-
ing multiple receive beams in parallel. This increases the 
frame rate in proportion to the number of lines beam-
formed per emission. The downside compared with emit-
ting a focused beam for each receive-beamformed line is 
a lower resolution and an amplitude modulation artifact 
of the beamformed lines. different measures have previ-
ously been pursued to minimize the parallel beamforming 
artifact [12]–[14], these are not investigated or applied in 
this work. Parallel beamforming was, in the form of Ex-
plososcan [9], [15] implemented in hardware by smith, von 
ramm, and colleagues as early as the 1980s.
several versions of saI exist [5], [7], [16], [17]. In this 
paper, saI refers to synthetic transmit focusing, in which 
a virtual transmit aperture is synthesized [18]–[20]. Us-
ing synthetic transmit focusing, an entire volume can be 
dynamically focused in transmit, whereas conventional 
transmit focusing only has a fixed focal depth in transmit.
related work was carried out by Karaman et al., who 
increased the snr of synthetic aperture imaging by 
transmitting from multiple elements to emulate a single 
powerful virtual transmit element [18]. achieving high-
frame-rate 3-d synthetic aperture imaging by mechani-
cally sweeping a 1-d phased array was investigated by 
lockwood et al. [21]. nikolov and Jensen [22] used the 
elevation focal point as a virtual source in the elevation 
direction with a mechanically scanned 1-d transducer ar-
ray. a thorough investigation of 2-d synthetic aperture 
phased-array imaging was made by Johnson et al. [23], 
[24]. They showed that for optimal image quality when the 
number of active elements is limited, the active subarray 
must be translated between the emissions. High-frame-
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rate 3-d imaging with a 2-d phased array was investi-
gated via simulations by Kim et al. [25].
synthetic aperture imaging is susceptible to tissue mo-
tion artifacts, which degrade the image quality. Previous 
literature has demonstrated tissue motion compensation 
in the axial direction [6], [26], [27] and in two dimensions 
[28]–[30]. because the tissue inherently moves in 3-d, tis-
sue motion compensation should ideally be carried out in 
all three dimensions when performing 3-d imaging. To our 
knowledge, reliable 3-d tissue motion compensation has 
yet to be demonstrated. 3-d tissue motion compensation 
is therefore not investigated nor applied in this work.
Tissue harmonic imaging is routinely applied when per-
forming conventional clinical cardiac imaging. synthetic 
aperture tissue harmonic imaging has been demonstrated 
by bae et al. [31], who band-pass filtered the second har-
monic before beamforming, and by rasmussen et al. [32], 
who applied pulse inversion. Generating the second har-
monics requires sufficient acoustic pressure. This demon-
strates that tissue harmonic imaging can be performed 
with both parallel beamforming and synthetic aperture 
imaging. In this paper, the image quality is investigated 
for the fundamental harmonic.
In the next section, the two techniques are further 
introduced and the imaging sequences are designed and 
optimized. In section III, the imaging quality is investi-
gated by simulations of the point spread function (PsF) 
at a large number of positions within the imaged volume. 
The PsF simulations show that synthetic aperture imag-
ing improves the detail resolution at small steering angles, 
compared with parallel beamforming. With larger steering 
angles, the detail resolution performance of the two tech-
niques is similar. The contrast resolution is significantly 
improved by synthetic aperture imaging at all positions 
in the entire imaged volume. In section IV, the imaging 
quality is investigated using wire and cyst phantom mea-
surements. The wire phantom measurements are carried 
out at a low steering angle and show the same tendency 
as the simulations; synthetic aperture imaging increases 
resolution as well as contrast. The cyst phantom measure-
ment confirms that synthetic aperture imaging increases 
the contrast at all depths, compared with parallel beam-
forming. Measurements on a tissue-mimicking phantom 
indicate that the penetration depth is deeper for synthetic 
aperture imaging compared with parallel beamforming. 
discussion and the conclusion follow in section V.
II. Methods
In this section, the implementations of the two tech-
niques are described. certain restrictions must be imposed 
for the comparison to be realistic, such as the width of the 
aperture, the number of active channels used, and the use 
of multiplexing. First, these restrictions are determined, 
then an image quality metric, cystic resolution, is intro-
duced, and finally, implementation and optimization of 
both techniques are carried out using simulations.
The two imaging techniques are designed for cardiac 
imaging, which requires imaging down to 15 cm and a 
frame rate fr of at least 20 Hz. To be comparable with 
products from the medical ultrasound industry, a volume 
scan spanning 90° in both the azimuth and elevation direc-
tion is chosen.
With a maximum scan depth rmax of 15 cm and a speed 
of sound c equal to approximately 1540 m/s, the maxi-
mum pulse repetition frequency is
 f
c
rprf max
 kHz= 2 = 5.133 . (1)
The possible number of emissions per frame then becomes
 N ems
 kHz
 Hz=
5.133
20 256.≈  (2)
Using 256 emissions per frame allows for resolution of the 
azimuth and elevation directions with 256 = 16 emis-
sions each.
because of the constant increase in processing power 
of ultrasound scanners, the number of ultrasound chan-
nels that can be processed increases with time. a limiting 
factor is the diameter and weight of the cable connecting 
the ultrasound probe with the ultrasound system. If the 
cable is too heavy, the operator will risk injuring his or her 
wrist when scanning on a daily basis. To impose a limit 
on the cable size, both techniques are therefore limited to 
256 active channels at a time during both transmitting 
and receiving. Multiplexing electronics in the handle that 
selects the active transducer elements are assumed to be 
available, and are otherwise neglected in this study.
A. An Image Quality Metric: Cystic Resolution
Two quality metrics are used for evaluating the images. 
The full-width at half-maximum (FWHM) and the cystic 
resolution. The cystic resolution describes the ability to 
detect an anechoic cyst in a uniform scattering medium 
[33]. specifically, the cystic resolution gives the intensity 
at the center of an anechoic cyst of a given size relative to 
its surrounding uniformly back-scattering medium. The 
lower the intensity at the center of the cyst, i.e., the darker 
it appears in the image for a given cyst size, the better the 
imaging performance of the system. This metric mimics 
an often seen situation in medical ultrasound in which the 
object of interest is a weakly reflecting medium, such as 
blood or a cyst, surrounded by a stronger back-scattering 
medium. The relative intensity (rI) of the anechoic cyst 
was shown by ranganathan and Walker [34], to be quan-
tized as the clutter-energy–to–total-energy ratio,
 RI out
tot
in
tot
( ) =
( )
= 1
( )
,R
E R
E
E R
E−  (3)
where Ein is the signal energy inside a circular region with 
radius R centered at the peak of the point spread function, 
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Etot is the total point spread function energy, and Eout is 
the point spread function energy outside the circular re-
gion. To achieve a single number from the rI(R)-curve, 
one either determines the relative intensity for a single 
cyst radius, or determines the required radius to achieve 
a certain relative intensity, e.g., the cyst radius at which 
the intensity at center of the cyst is 20 db lower than its 
surroundings, written as R20db. In this work, the cystic 
resolution is presented as the cyst radius R20db.
B. Parallel Beamforming
For 3-d imaging, parallel beamforming makes N × N 
receive lines per emission. From trial and error, N = 4 
scan lines per dimension were determined as an adequate 
spatial sampling frequency to represent the PsF at the 
focal point.
as determined in the previous section, the maximum 
fprf allows for 16 emissions per steering angle, leading to 16 
× 4 = 64 scan lines to be beamformed per dimension per 
emission. beamforming 4 × 4 lines in parallel per emis-
sion gives a frame rate increase of 16 times compared with 
conventional phased-array imaging.
The transmit beam should therefore be four times as 
wide as the receive beams. In Fig. 1, a transducer ar-
ray which focuses its transmit beam at the marked focal 
point is shown. The transmit beam width in radians is 
α, the aperture width is w and the focal depth r. Ideally, 
the transmit beam should have a main-lobe width of α = 
90°/16 = 5.63°. as seen in Fig. 1, when the focus point is 
directly under the center of the transducer, a right-angled 
triangle can be drawn from the three points: the center 
of the active aperture, the focal point and the half-width 
at half-maximum (HWHM) of the transmit beam at the 
focus depth. Using this triangle and HWHM = FWHM/2 
≈ (f-number × λ)/2, the following approximate relation 
can be written
 2 2 = 2 = 2tan
α λ λHWHM f-number
r r w≈
×
 (4a)

 w ≈
λ
α2
,
2tan
 (4b)
where λ is the wavelength of the emitted wave and the 
f-number = r/w. In (4), tan (α/2) is assumed nonzero, 
implying that the main-lobe width is always nonzero. In-
serting the values for λ and α into (4b) gives an aperture 
width of w = 5.22 mm. Table I shows the parameters of 
the 32 × 32 element 2-d transducer array used for both 
simulations and measurements. The pitch is 300 μm in 
both directions. Therefore, an aperture width of 5.22 mm 
corresponds approximately to a 17-element-wide aperture. 
a circular aperture with a diameter of 17 elements contains 
approximately 226 elements, however 256 active channels 
are available for the scanner in both transmit and receive. 
If the diameter of the circular aperture is increased to 
18 elements, it contains approximately 256 elements. The 
circular aperture with 256 active elements is shown in Fig. 
2(a). because the transducer array is made of four stacked 
piezocrystals, the array contains three joints where no ele-
ments are present.
It has been shown [35], [36] that when the number of 
active channels is restricted and a wide aperture is needed, 
the simple sparse cross array results in one of the best ra-
tios between imaging quality and the number of active ele-
ments used. Three possible transmit cross array apertures 
of differing widths are shown in Figs. 2(b)–2(d).
because all shown transmit apertures in Fig. 2 are wid-
er than w from (4b), their transmit beam width will be too 
narrow. To compensate for this, the effective width of the 
apertures is reduced by applying an apodization function. 
The Tukey apodization function has a parameter ψ that 
changes the apodization continuously from a rectangular 
apodization (ψ = 0) to a Hann apodization (ψ = 1). The 
ψ parameter of the Tukey apodization, which leads to the 
correct width, is determined by numerical optimization. 
The optimization routine determines the ψ parameter, 
which results in an area of the Tukey apodization function 
equal to the area of the rectangular apodization function. 
The optimized expression is thereby
 argmin Tukey rect
ψ
ψ ψf n m
n
N
m
M
( ) = ( ; ) ( ) .
=1 =1
2
∑ ∑−






 (5)
Four different transmit apertures are shown in Figs. 
2(a)–2(d). They are optimized using (5) to have equal 
main-lobe size. The radiation pattern at the focal point 
and in the far field can be approximated by the Fourier 
transform of the active aperture [37, p.12], [38]. The 1-d 
Fourier transform of the center row of each transmit array 
is calculated and plotted in Fig. 2(e). The Fourier trans-
Fig. 1. Geometry for determining aperture width w, which approximately 
relates to a given beam width α. r is the distance from the transducer 
surface to the focal point.
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form of the 17-element-wide rectangular array is plotted 
as a reference.
The main lobes of the four transmit apertures are seen 
to be practically identical, which shows the applicability 
of (5). The side lobes are seen to decrease faster for the 
wider apertures, e.g., apertures (c) and (d), compared 
with the narrower apertures, e.g., apertures (a) and (b). 
on the other hand, the wider the aperture is and the more 
the aperture is apodized, the less energy is emitted. as 
a trade-off between emitted energy and side-lobe perfor-
mance, the 24-element-wide cross array, seen in Fig. 2(b), 
is chosen as the transmit aperture.
To get a wide receive aperture and thereby a narrow 
receive beam main-lobe, the cross array is also used in 
receive. In receive, 64 lines are beamformed per dimen-
sion, giving a main-lobe width of αrX = 90°/64 = 1.41°. 
Inserting αrX in (4b) gives an aperture width of 17.9 mm 
or approximately 60 elements. because the available ultra-
sound probe is 32 × 0.3 = 9.6 mm wide in each dimension, 
and 32 × 0.33 mm × 2 = 13.6 mm along the diagonals, 
this receive aperture cannot be implemented. The widest 
possible array, a cross array along the diagonals, is chosen 
as receive aperture. because the receive aperture is too 
narrow, it is apodized with a Tukey function with a ψ 
parameter close to zero. The receive aperture is shown in 
Fig. 3.
The last parameter to be determined for the parallel 
beamforming technique is its focal depth. The influence of 
the focal depth on the imaging quality is investigated via 
simulations of the PsF using the ultrasound simulation 
program Field II [39], [40]. The PsF is investigated at a 0° 
beam steering angle (straight down) at depths of 60, 90, 
120, and 150 mm, while the transmit focal depth is varied 
from 5 mm to 120 mm. The result of the parameter study 
is shown in Fig. 4. The main-lobe width in Fig. 4(a) is 
almost independent of the focal depth; it only improves 
locally in the region around the focal depth. In Fig. 4(b), 
the cystic resolution R20db is shown to be highly depen-
dent on the focal depth, and it obtains a global minimum 
close to 30 mm of depth. The transmit focal depth of par-
allel beamforming is therefore chosen to be 30 mm.
This optimized parallel beamforming setup is used for 
the rest of this paper.
C. Synthetic Aperture Imaging
To avoid grating lobes within the ±45° beamformed 
volume, the pitch of the transducer array should not be 
larger than λ/2. The center frequency of the transducer 
array is 3.5 MHz and the pitch is 300 μm, which corre-
sponds to 0.68λ. as a compromise between the transducer 
efficiency in converting electrical to mechanical energy and 
grating-lobe levels, the center frequency is set to 3.0 MHz.
synthetic aperture imaging synthesizes a virtual trans-
mit aperture. one element is synthesized in the synthetic 
aperture for each focus point. because 256 emissions are 
used, 256 virtual elements are synthesized. The relations 
between aperture array design and the PsF also apply to 
TablE I. Transducer, simulation, and Measurement Parameters. 
Parameter name notation Value Unit
General parameters
 Frame rate fr 20 Hz
 Pulse repetition frequency fprf 5.133 kHz
 Emissions per frame Nems 256 —
 number of active elements Nact 256 —
 scan depth (max range) rmax 15 cm
 Emission center frequency f0 3.0 MHz
 Emission cycles Ncyc 4 —
 Emission window Wems Hann —
Ultrasound probe parameters
 center frequency fc 3.5 MHz
 relative bandwidth bW 66 %
 Transducer pitch – x dx 300 μm
 Transducer pitch – y dy 300 μm
 number of elements – x Nx 32 —
 number of elements – y Ny 35 —
 number of wired elements Ntot 1024 —
 Inactive rows — 9,18,27 —
simulation parameters
 sampling frequency fs_sim 120 MHz
 speed of sound csim 1540 m/s
Measurement parameters
 sampling frequency fs_meas 70 MHz
 TX voltage VTX ±100 V
 sound speed in water cw 1482 m/s
 sound speed in phantom cpht 1548 m/s
 attenuation in phantom α 0.51 db/(MHz·cm)
 Wavelength in water λw 494 μm
 Wavelength in phantom λpht 516 μm
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the synthesized aperture array [19]. Especially, the width 
of the synthesized array and the pitch of the virtual el-
ements must be considered. The location of the virtual 
elements also influences the distribution of the emitted 
energy, and thereby the snr within the imaged volume.
The synthetic aperture can be synthesized in three 
different ways: by having a static transmit aperture and 
steering the transmit beam angle for each emission, by 
translating transmit aperture and not applying beam 
steering, or by both translating the transmit aperture and 
applying beam steering. If a static transmit aperture with 
beam steering is used, the focal distance must be large, 
either in front of or behind the array, for the width of the 
synthesized aperture to become large enough. This leads 
to a large f-number, and, thus, a narrow beam. a narrow 
beam implies only little overlap between each transmit 
beam; thereby, only a small aperture is synthesized for any 
given point in the imaged volume. Usually, this leads to an 
inferior image quality. If the active aperture is translated 
and no beam steering is applied, the width of the syn-
thesized array is independent of the transmit f-number. 
In this case, the synthesized array is narrower than the 
physical array. When no beam steering is applied, the en-
ergy of all transmit beams are emitted straight down. For 
phased-array imaging, this leads to the snr being higher 
in front of the array, compared with the sides of the im-
aged volume. The third possibility is to both translate the 
physical array and to apply transmit beam steering. This 
has the advantage that even when the transmit f-number 
is kept low, a wide aperture can be synthesized. It is there-
fore chosen to both translate the active aperture and to 
apply beam steering of the transmit beam.
To enable the translation of the active aperture, it must 
be small to fit on the physical array and still leave room 
Fig. 2. (a)–(d) Four different transmit apertures with 256 active ele-
ments and approximately the same main-lobe width. (e) The 1-d Fourier 
transform of each of the four transmit apertures. The transmit aperture 
shown in (b) is chosen as the compromise between emitted energy and 
low side-lobe levels. The transmit aperture is used for all 256 emissions 
it takes to sample the volume. 
Fig. 3. The receive aperture for parallel beamforming is the widest pos-
sible cross array implementable on the 32 × 32 element array. It contains 
256 active elements and is used for all 256 emissions. 
Fig. 4. Imaging quality metrics extracted from simulated PsFs. (a) The main-lobe width is shown to be almost independent of the transmit focal 
depth. (b) The cystic resolution R20db is shown to be highly dependent on the transmit focal depth, and it obtains a near global minimum at 30 mm 
of depth. 
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for translation. The active array could either be a 16 × 16 
square or a circle with radius of approximately 9 elements. 
To increase the circular symmetry of the PsF, the circular 
shape is chosen as active aperture.
a synthesized wide cross array would result in a small 
PsF but also in an unequal snr performance with respect 
to steering angle. To assure an even snr performance 
in all directions, within the pyramidal volume, the active 
aperture is translated around a square aperture with a 
side length of 16 elements. The centers of all translated 
transmit apertures are shown with a dot in Fig. 5(a). The 
cross is the center of the shown active aperture. The beam 
steering is controlled proportionally to the position of the 
active aperture. That is,
 φ κ( ) =x xx  (6a)
 θ κ( ) = ,y yy  (6b)
where ϕ is the angle in the z-x plane, θ is the angle in the 
z-y plane, x and y are the (x, y) coordinates of the center 
of the active aperture, and κx and κy are scaling constants. 
κx and κy set the maximum transmit beam angle.
The focal depth of the transmit beam and the maxi-
mum transmit beam steering angle is determined by a 
parameter study using Field II. The detail resolution and 
cystic resolution are investigated at 60 mm depth at an-
gles of (ϕ,θ ) = (0°, 0°) and (ϕ,θ ) = (30°, 30°). The result of 
the parameter study is shown in Fig. 6. If the maximum 
transmit beam steering is low, then the image quality is 
good in the center and poor at 30°. For large transmit 
beam steering angles and large focal depths, it is the op-
posite result. as a compromise, the focal depth is chosen 
to be −6 mm and the maximum beam steering angle to 
30°. The negative focal depth means that the focal point 
is located behind the transducer.
The resulting synthesized aperture is shown in Fig. 7. 
The transmit beam for the shown emission is illustrat-
ed with an arrow. The source of the beam is the active 
virtual source, shown with a circle. For each emission, a 
low-resolution volume is beamformed. Each point in the 
low-resolution volume is then weighted by a virtual source 
apodization. after the weighting, the low-resolution vol-
umes are summed to create the high-resolution volume. 
The virtual source apodization has the shape of a cone 
centered around the transmit beam and with its apex 
located at the active virtual source. The angular width 
of the cone depends on the focal distance of the active 
transducer array. The closer the virtual source is to the 
transducer surface, the wider is the cone. In this work, the 
cone angular width is 50°. The beamformed points located 
outside of the cone are weighted by 0. The points inside of 
the cone are weighted by a window function. In this work, 
a Hann-window is applied. The weight of a point within 
the cone depends on its angular distance to the transmit 
beam. This procedure removes the noise from the beam-
formed points which were not insonified by the transmit 
beam. This optimized setup of synthetic aperture imaging 
is used for the remainder of this paper.
III. simulations
In this section, the image quality is investigated for 
the two techniques via simulations. The PsF at different 
spatial positions, as a function of depth and angle, are 
simulated.
A. Simulation Setup
The ultrasound simulation program Field II is used 
for the simulation study. a 2-d phased-array ultrasound 
probe, made by Vermon s.a. (Tours, France) with param-
Fig. 5. The synthetic aperture imaging transmit and receive apodiza-
tion implemented on the 32 × 32 element array. The transmit aperture 
translates between each emission. The center of the shown aperture is 
illustrated with a cross and the centers for the 255 remaining emis-
sions are shown with a dot. The receive aperture is static during all 256 
emissions. 
Fig. 6. optimizing the transmit focal depth and the max transmit-beam 
angle of synthetic aperture imaging. In (a) and (c), the scatterer is lo-
cated at an azimuth and elevation angle of (ϕ,θ ) = (0°, 0°); in (b) and 
(d), the azimuth and elevation angle is (ϕ,θ ) = (30°, 30°). In both cases, 
the depth of the scatterer is 60 mm. The chosen parameter combination 
of a maximum transmit beam angle of 30° and a focal depth of −6 mm 
is marked with a cross. 
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eters as shown in Table I, is emulated. The 2-d transducer 
has 35 × 32 elements, of which rows 9, 18, and 27 are in-
active, effectively giving 32 × 32 individually controllable 
elements.
a single scatter is placed in front of the transducer 
array and then imaged using the optimized imaging se-
quences described in the previous section. The simulated 
receive signals are Hilbert-transformed, and the analytic 
samples are beamformed. after the Hilbert transform, the 
samples contain both the in-phase and the quadrature 
components of the signal and are now referred to as Iq-
samples or the Iq data set. The image quality metrics are 
applied on a 2-d slice of the 3-d PsF. The PsF in the 
axial direction is mostly dependent on the emission pulse, 
whereas in the ϕ- and θ-directions it is mostly dependent 
on the imaging method. The PsFs are therefore sliced into 
a c-scan, a 2-d plane the shape of a spherical surface with 
a constant distance to the center of the transducer array. 
The two dimensions in the c-scan are the two angles ϕ 
and θ, which are also termed the azimuth and elevation 
angles, respectively.
B. Simulation Results
In Fig. 8, the PsF c-scan of both parallel beamforming 
and synthetic aperture imaging at a depth of 60 mm are 
shown as grayscale images with a dynamic range of 60 db. 
The main lobes of the two techniques are seen to be simi-
lar in both the elevation and azimuth directions. The side-
lobe levels are clearly lower for synthetic aperture imaging 
than for parallel beamforming. The side lobes are seen to 
be asymmetrical, as they are wider in the elevation direc-
tion than in the azimuth direction. The asymmetric PsF 
is due to the asymmetry of the transducer array used. The 
transducer array contains three inactive rows of elements. 
These discontinuities cause the increased side-lobe levels 
in the elevation direction. low-intensity grating lobes are 
visible in the azimuth direction of the synthetic aperture 
imaging PsF. This is probably due to the pitch of both 
the physical and synthesized arrays being larger than λ/2. 
In the elevation direction, it is hard to separate the side 
lobes from grating lobes.
The FWHM of the simulated PsFs in Fig. 9(a) is seen 
to be slightly better for synthetic aperture imaging than 
for parallel beamforming, at all depths. The difference 
between the two techniques increases with depth. The 
FWHM increases linearly with depth, which is expected 
for a phased-array system with a constant active aper-
ture width. Parallel beamforming has a slightly increased 
FWHM performance at its transmit focal depth at 30 mm, 
which is not expected. In the parallel beamforming PsF 
at 60 mm depth, shown in Fig. 8(a), the −20-db isocurve 
is seen to have four distinct corners. The intensity of the 
PsF at the four corners increases abruptly around 30 mm 
depth to above −6-db intensity. This directly influences 
the FWHM measure and is the reason for the FWHM 
peak in Fig. 9(a). because synthetic aperture imaging is 
transmit-focused at all depths, it has no specific depth 
with an unusually increased FWHM performance. Fig. 
9(b) shows the FWHM at a depth of 100 mm as a func-
tion of steering angle. The FWHM increases slightly with 
increasing steering angle. This is also as expected, be-
cause the effective aperture width decreases with increas-
ing steering angle. Parallel beamforming is seen to have a 
slightly better FWHM at increasing angles compared with 
synthetic aperture imaging.
In Fig. 10(a), the calculated cystic resolution described 
in section II-a is plotted as a function of depth. The 
cystic resolution is seen to be significantly better for syn-
thetic aperture imaging than for parallel beamforming. 
The difference between the two techniques increases with 
depth. The cystic resolution as a function of beam steering 
angle is plotted in Fig. 10(b). The difference in cystic reso-
lution performance is largest when no beam steering angle 
is applied and decreases with increasing angle. It is also 
seen that the imaging performance of parallel beamform-
ing oscillates once for each emission. The angles of the 
Fig. 7. The setup for a single emission is shown, which synthesizes one 
virtual element (shown as a circle) in the synthetic aperture. The remain-
ing virtual elements of the sequence are shown as squares raised above 
the physical aperture. The virtual sources are located behind the aper-
ture and the sound is emitted downwards, in the direction of the arrow. 
The cross marks the center of the active aperture and the colors of the 
physical elements represent their apodization value. 
Fig. 8. simulated c-scans of the 3-d PsFs of parallel beamforming and 
synthetic aperture imaging at a depth of 60 mm. The dynamic range of 
the gray scale is 60 db. The main-lobe width is seen to be similar for 
the two techniques. The side lobes, especially at −20 db, are lower for 
synthetic aperture imaging. The −20-db isocurve in (a) is seen to have 
four distinct corners. 
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parallel beamforming transmit beams are illustrated with 
vertical dashed lines. Parallel beamforming performs bet-
ter close to its transmit beams and worse between them. 
The synthetic aperture imaging sequence uses unfocused 
emissions, and no distinct performance oscillation is pres-
ent.
IV. Measurements
In this section, measurements made with synthetic ap-
erture imaging and parallel beamforming are presented 
and compared.
A. Measurement Setup
all measurements are carried out using the 1024 chan-
nel experimental ultrasound scanner synthetic aperture 
real-time ultrasound system (sarUs) [41] and a 32 × 32 
element phased array probe made by Vermon s.a. (Tours, 
France) shown in Fig. 11. The measured and simulated 
rF-data are beamformed using the beam Formation Tool-
box 3 [42]. For the measurements, two phantoms are used. 
The first phantom is a line-spread phantom consisting of 
a thin copper wire submerged in a water tank. The copper 
wire is mounted on the x-y-z positioning system aIMs III 
made by onda corp. (sunnyvale, ca) and can be placed 
precisely at any given depth. The second phantom is a 
cyst phantom, model 571 from danish Phantom design 
(Frederikssund, denmark). The speed of sound cpht and 
attenuation α of the cyst phantom are listed in Table I. 
The cysts are made of water-filled pipes orientated hori-
zontally and with an angle of 45° in the x-y-plane with 
respect to the scan plane. Two sizes of cysts are present 
in the phantom, cysts with a diameter of 8 mm, spaced 
20 mm apart, and cysts with a diameter of 4 mm, spaced 
10 mm apart. The contrast-to-noise ratio (cnr) is mea-
sured on the 8-mm cysts. The cysts are only present in the 
center of the phantom. The region without cysts contains 
only tissue-mimicking material and is used for estimating 
the snr for both imaging techniques.
B. Line Spread Function
The line spread function (lsF) is measured using the 
described wire phantom. The wire runs parallel to the 
transducer surface at depths of 20, 40, 60, and 80 mm. In 
Fig. 12, 2-d b-modes of the wire at 40 mm and 80 mm 
depths are shown. The b-mode images are sliced perpen-
dicular to the wire direction. They have a dynamic range 
of 60 db, over which isocurves at −40 db, −20 db, and 
−6 db are marked. The images in Figs. 12(a) and 12(b) 
are made with parallel beamforming and in Figs. 12(c) 
and 12(d) with synthetic aperture imaging. The wire is 
placed a little off-center, resulting in slightly asymmetric 
lsFs. comparing the lsFs of synthetic aperture imaging 
Fig. 9. The main-lobe size in (a) is seen as a function of depth with no tilt angle [(ϕ,θ ) = (0°, 0°)], and in (b) as a function of angle [(ϕ,θ ) = (an-
gle, angle)] at 100 mm of depth. For all depths in (a), the FWHM of the PsFs is seen to be slightly better for synthetic aperture imaging than for 
parallel beamforming. In (b) the FWHM performance improvement of synthetic aperture imaging is seen to be limited to angles up to about 10° to 
15°. at larger angles, the FWHM of parallel beamforming and synthetic aperture imaging are almost equal. 
Fig. 10. The cystic resolution sampled at 20 db intensity difference is in (a) seen as a function of depth with no tilt angle [(ϕ,θ ) = (0°, 0°)], and in 
(b) as a function of angle [(ϕ,θ ) = (angle, angle)] at 100 mm of depth. In (b), the angle of the parallel beamforming transmit beams are marked 
with vertical dashed lines. The smaller the cyst radius is, the better. The cystic resolution of parallel beamforming is seen to be improved near the 
transmit beams. 
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and parallel beamforming, the −6-db contour widths dif-
fer 0.4 mm (16%) at 40 mm of depth and 1.0 mm (20%) 
at 80 mm, in favor of synthetic aperture imaging. The 
FWHM of the lsF is shown in Fig. 12. The side-lobe lev-
els are clearly lower for synthetic aperture imaging than 
for parallel beamforming, both at −20 db and at −40 db. 
The received energy at the ultrasound probe surface is 
lower for deeper wire placements in the water tank. This 
results in a relative increase in the noise floor originating 
from electronic noise within the experimental ultrasound 
scanner. The noise floor is seen to be higher for parallel 
beamforming in Fig. 12(b) than for synthetic aperture im-
aging in Fig. 12(d). The noise appears at the center of the 
b-mode image, because the noise is in phase in the raw 
data on all receive channels and only sums up coherently 
during the delay-and-sum beamforming of points close to 
the center line pointing straight down.
In Fig. 13, the FWHM measured on the wire phan-
tom at depths of 20, 40, 60, and 80 mm are shown. The 
FWHM increases linearly and the difference between the 
two techniques becomes larger with depth. The measured 
lsFs at 20mm depth have a FWHM of 1.1 mm for syn-
thetic aperture imaging versus 1.3 mm for the parallel 
beamforming technique. at 60 mm, the FWHM has in-
creased to 3.1 mm for synthetic aperture imaging versus 
3.9 mm for parallel beamforming.
From the measured lsF, the cystic resolution is cal-
culated and shown in Fig. 14, where a large difference 
between the imaging performances of the two techniques 
is apparent. at 20 mm depth, synthetic aperture imaging 
needs a cyst with a radius of 1.1 mm and parallel beam-
forming 1.3 mm for the center of the cyst to be 20 db 
darker than its surroundings. at 60 mm depth, the re-
quired cyst size has increased to 2.5 mm for synthetic ap-
erture imaging versus 4.1 mm for parallel beamforming. 
relatively, synthetic aperture imaging thereby improves 
the cystic resolution by 15% at 20 mm and 39% at 60 mm.
In Fig. 15, a 2-d slice of the cyst phantom is shown. 
Fig. 15(a) is made with synthetic aperture imaging and 
Fig. 15(b) with parallel beamforming. The cysts are clear-
ly more apparent when imaged with synthetic aperture 
imaging than with parallel beamforming.
C. Contrast-to-Noise Ratio
The imaging performance of the cysts is estimated us-
ing the cnr, which was calculated as
 CNR s c
s c
= ,
2 2
µ µ
σ σ
−
+
 (7)
where μc and μs are the mean intensities of a cyst region 
and a speckle region. σc
2 and σ s
2 are the variances of the 
cyst and speckle data. The cnr is calculated from spher-
ical regions of the envelope-detected data before it is log-
compressed. The cyst statistics is measured from a sphere 
with a radius of 6 mm located at the center of each cyst. 
The speckle statistics are estimated on the exact same 
spheres but on the tissue-mimicking phantom containing 
only random scatterers. In Fig. 16, the results of the cnr 
calculations from the 8-mm cysts are shown. The cnr is 
seen to be better for synthetic aperture imaging at all 
depths compared with parallel beamforming. When ignor-
ing the first cyst, the cnr for both synthetic aperture 
imaging and parallel beamforming cysts are seen to de-
crease approximately linearly. The cnr of parallel beam-
forming decreases faster than the cnr for synthetic aper-
ture imaging. This is as expected when compared with the 
linearly decreasing contrast performance of the lsF, 
shown in Fig. 14, and the simulated cystic resolution, 
shown in Fig. 10(a). The decreased cnr performance of 
the top cyst could be a result of excessive clutter close to 
the transducer.
D. Signal-to-Noise Ratio
The snr can be used to estimate the penetration depth. 
The snr is measured by scanning a tissue-mimicking 
phantom only containing randomly distributed scatterers. 
To estimate the signal and noise components, 12 frames 
were acquired. The signal component is estimated by av-
eraging the 12 measurements. subtracting the signal com-
ponent from each frame produces 12 noise estimates. The 
snr is estimated for each voxel in the Iq-beamformed 
volume by taking the ratio of the signal power and the 
noise power. The snr is thereby estimated on a complex 
data set. The rMs-power of a complex signal when as-
suming a unit load is
 P V I VRMS RMS RMS RMS= = ,* 2×  (8)
where the asterisk denotes complex conjugation. Using 
(8), the snr is calculated by
 SNR( ) =
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Fig. 11. The 32 × 32 element phased array ultrasound probe used for the 
measurements and modeled in the simulations.
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where x = (x, y, z)T is the voxel coordinate, N is the num-
ber of image frames, E[·] is the expectation operator, var[·] 
is the variance operator, s is the set of all Iq-beamformed 
frames, and sn is a single image frame with index n. The 
estimated snr is calculated from stochastic data and a 
limited amount of data are available because of the depth-
dependent snr. Therefore, averaging must be employed 
to reduce the variance of the estimates. The noisy esti-
mates are low-pass filtered with a 3-d FIr filter. The FIr 
filter is applied before scan line conversion and its cut-off 
frequency for the three dimensions is 1/6° × 1/6° × 0.15/
mm. a single scan line is extracted and plotted in Fig. 
17. The snr of synthetic aperture imaging is seen to be 
higher than the snr of parallel beamforming. The pen-
etration depth at which the snr crosses 0 db is estimated 
by linear regression to be 88 mm for parallel beamform-
ing and 109 mm for synthetic aperture imaging. In other 
words, synthetic aperture imaging increases the penetra-
tion depth by approximately 24% with the same amount 
of energy emitted.
V. discussion and conclusions
a comparison of real-time 3-d synthetic aperture im-
aging and parallel beamforming using only 256 active 
channels was made with both Field II simulations and 
measurements from the experimental ultrasound scanner 
sarUs.
simulations were used to optimize both techniques be-
fore comparison. simulations of the PsF at a large num-
ber of positions within the imaged volume showed that 
Fig. 12. The measured 3-d line spread function of parallel beamforming [(a), (b)] and synthetic aperture imaging [(c), (d)] sliced in a 2-d plane. The 
wire runs parallel to the transducer surface at depths of 40 mm and 80 mm. The 2-d gray level images have a dynamic range of 60 db. The side-lobes 
of parallel beamforming are seen to be clearly larger than the side-lobes of synthetic aperture imaging. 
Fig. 13. The measured FWHM on the wire phantom shown as a function 
of wire depth. synthetic aperture imaging has a smaller main-lobe size 
than parallel beamforming at all depths. The FWHM increases linearly 
with depth, as predicted by the simulations. 
Fig. 14. The measured cystic resolution on the wire phantom shown as 
a function of wire depth. synthetic aperture imaging is seen to achieve 
a better cystic resolution than parallel beamforming at all depths. The 
R20db values increase approximately linearly with depth, and they in-
crease faster for parallel beamforming than for synthetic aperture imag-
ing. This is in agreement with the simulation predictions. 
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synthetic aperture imaging improved the detail resolution 
at small steering angles compared with parallel beamform-
ing. With larger steering angles, the detail resolution per-
formance of the two techniques was similar. The contrast 
resolution was significantly improved by synthetic aper-
ture imaging at all positions in the entire imaged volume.
From measurement, the imaging quality was investigat-
ed by use of wire and cyst phantoms. The wire phantom 
measurements were carried out at a low steering angle and 
showed the same tendency as the simulations. synthetic 
aperture imaging increased both the resolution and the 
contrast. The FWHM was improved by 20% at 80 mm 
depth. The cyst phantom measurement confirmed that 
synthetic aperture imaging increases the contrast at all 
depths, compared with parallel beamforming. The cnr 
was improved by 22% at 70 mm depth. Measurements on 
Fig. 15. Parallel beamforming [(a) and (c)] and synthetic aperture imaging [(b) and (d)] of anechoic cysts embedded in a tissue-mimicking phantom. 
The dynamic range is 40 db. The large cysts have a diameter of 8 mm and the small cysts 4 mm. (a) and (b) are vertical scan planes and (c) and 
(d) are c-scans with a constant distance to the array center. The cysts are water-filled pipes aligned 45° to the vertical scan plane.
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a tissue-mimicking phantom indicated that the penetra-
tion depth is deeper for synthetic aperture imaging com-
pared with parallel beamforming. synthetic aperture had 
a higher snr than parallel beamforming at all depths 
and the increased snr resulted in a penetration depth 
increase of 24%. The penetration depth did not reach the 
designed 15 cm. This was likely due to the small trans-
ducer array surface area, limited by the restriction of 256 
active channels. It is most likely that the low snr of the 
experimental scanner used also limited the penetration 
depth.
It was shown that using synthetic aperture imaging on 
a channel-limited 3-d ultrasound system can achieve a 
high image quality at a low cost.
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